narrowing and an additional 27 mmHg due to stiffening. For a longer segment (25 mm), an increase in systolic pressure of 50 mmHg is found, of which only 9 mmHg is due to stiffening.
Introduction
Aortic coarctation (CoA) is a congenital disease, characterized by a narrowing of the upper descending aorta, obstructing the blood flow from the heart toward the lower part of the body. The treatment can be minimally invasive using a stent and/or a balloon catheter to dilate the coarctation zone, or the narrow section can be removed surgically. Even after a successful treatment, a high risk of cardiovascular morbidity and mortality remains with a.o. recoarctation, aortic aneurysm formation or aortic dissection, left ventricular hypertrophy, premature coronary atherosclerosis, cerebrovascular accidents and systemic hypertension [33, 44] . This suggests surgical or transcatheter treatments modify rather than correct the complex pathology of aortic coarctation [5, 10, 30] and coarctation cannot be considered an uncomplicated disease.
In 1971, O'Rourke [32] first related morbidity in CoA (repair) to adverse hemodynamics and biomechanics in the thoracic aorta and the side branches. Considering disturbed blood flow strongly affects vascular pathogenesis, and vice versa, hemodynamic information is of high clinical importance, among others to diagnose cardiovascular malfunctioning and evaluate treatment outcomes. However, the majority of the clinical CoA studies focuses on the prevalence of cardiovascular complications [8, 18, 38] , the rates of mortality Abstract Even after successful treatment of aortic coarctation, a high risk of cardiovascular morbidity and mortality remains. Uncertainty exists on the factors contributing to this increased risk among which are the presence of (1) a residual narrowing leading to an additional resistance and (2) a less distensible zone disturbing the buffer function of the aorta. As the many interfering factors and adaptive physiological mechanisms present in vivo prohibit the study of the isolated impact of these individual factors, a numerical fluid-structure interaction model is developed to predict central hemodynamics in coarctation treatment. The overall impact of a stiffening on the hemodynamics is limited, with a small increase in systolic pressure (up to 8 mmHg) proximal to the stiffening which is amplified with increasing stiffening and length. A residual narrowing, on the other hand, affects the hemodynamics significantly. For a short segment (10 mm), the combination of a stiffening and narrowing (coarctation index 0.5) causes an increase in systolic pressure of 58 mmHg, with 31 mmHg due to [8, 18, 36] and the post-interventional relief of the pressure drop across the coarctation zone [3, 14, 19] rather than the correlation of hemodynamic indices with manifestation of late morbidity. As such, the underlying role of hemodynamics in the progression of the disease is currently not well understood. With advances in computing power, clinical imaging and segmentation software, computational simulations are nowadays an optimal tool to study the patient-specific hemodynamics and/or the biomechanics in (repaired) CoA, as they can retrieve data that are difficult to obtain in vivo.
Uncertainty exists on the factors contributing to the increased morbidity among others the presence of a residual narrowing (recurrent coarctation) and a less distensible zone, caused by the presence of a stent or scar tissue. As approximately 60 % of the buffer capacity of the aorta is located in the proximal aorta [37] , this local stiffening affects the 'cushioning' function of the aorta. The local narrowing, on the other hand, leads to an additional resistance in the arterial system. In addition, a local narrowing and stiffening generate wave reflections that reach the heart fast, given the short distance to the heart [41] .
The many interfering factors and adaptive physiological mechanisms present in vivo prohibit the study of the isolated impact of these individual factors. As experimental or computational studies more easily allow to mimic the alterations caused by a single parameter, these approaches are crucial in the understanding of central aortic hemodynamics following coarctation treatment. Although there is considerable literature on computational modeling of aortic coarctation, most studies do not account for the elasticity of the aorta and the fluid-structure interaction (FSI) [20, 23, 31, 40, 45] and/or have their focus on the hemodynamic impact of coarctation in patient-specific cases [21] or on arterial wall stress and remodeling [9] . The aim of this work is to develop a physiologically relevant 3D model of the aorta with a parametric model for the coarctation zone to predict the hemodynamic impact of (coexisting) stiffening and narrowing in CoA repair. Varying lengths, stiffnesses and diameter reductions of the coarctation zone are studied using fluid-structure interaction simulations, and the results are compared against the reference case of the healthy subject.
Methods
To obtain the geometric model of the aorta, MR images of a healthy 39-year-old male volunteer were taken. The protocol was approved by UK's national research ethics committee, and written informed consent was obtained from the volunteer. Semi-automatic segmentation (Mimics, Materialise) resulted in a 3D reconstruction of the aortic arch and thoracic aorta. At the boundaries of the computational domain, the flow rates were measured with phase-contrast MRI and processed using Osirix. The PCMR data were encoded in one direction (through plane) to acquire volumetric flow with the encoding velocities optimized to the peak through plane velocity in the vessel of interest. These measured flow waveforms are imposed as a boundary condition at the ascending aorta and the three side branches (see Fig. 1 ) assuming a flat velocity profile. Mean aortic inflow was 129.8 ml/s, while mean outflow via the right brachiocephalic, left common carotid and left subclavian artery was 18.9, 7.6 and 15.9 ml/s, respectively. At the descending aorta, a three-element windkessel model is implemented, for which the parameters are defined such that physiological pressure variations are retrieved (Z c = 0.08 mmHg/(ml/s), R = 1.024 mmHg/(ml/s), C = 2.0 ml/mmHg). These values were obtained by fitting a three-element windkessel model to the data, imposing the measured descending aorta flow as input and minimizing the difference between model-predicted pressure and a "measured" pressure waveform. The latter was generated by using the descending aortic distension waveform as a substitute for the pressure waveform, and scaling it to the measured brachial diastolic (80 mmHg) and systolic (115 mmHg) blood pressure. The subject's heart rate was 64 beats/min. As computational fluid dynamics (CFD) simulations with rigid walls fail to capture some physiological patterns (such as wave propagation and reflection), the fluid-structure interaction (FSI) between the blood flow and the deformation of the arterial wall is taken into account. The governing equations for the blood flow and the deformation of the structure are solved with two separate codes (Ansys, Fluent and Simulia, Abaqus/ Standard resp.), which are strongly coupled. This approach allows the flow equations and the structural equations to be solved with different techniques that are particularly suited to solve the respective equations. In this work, a quasi-Newton algorithm with an approximation for the inverse of the Jacobian (IQN-ILS) is used to solve the coupled problem [12] . This algorithm influences only the interface displacement; all remaining variables in the fluid and solid domain are considered as internal variables. It thereby treats both the flow and the structural solver as a black box which allows the use of commercial software packages. In [12] , the IQN-ILS technique is compared with other partitioned schemes, such as Aitken relaxation and Interface-GMRES(R). This comparison indicates that fewer coupling iterations per time step are required if the IQN-ILS algorithm is used. To obtain an accurate calculation of the stress on the fluid-structure interface, the flow equations are solved in the Arbitrary LagrangianEulerian formulation on a deforming mesh.
R C
To create a geometric model of the aortic tissue, the aortic lumen was extended such that a diameter-to-thickness ratio of 10 % was obtained. At the boundaries, only radial displacement is allowed. The material behavior of the aortic tissue is described using a polynomial hyperelastic model (hyperelastic constants: C 10 = 18.9 kPa, C 01 = 2.75 kPa, C 20 = 400 kPa, C 11 = 847.2 kPa [35] ) with the value of C 20 obtained in an iterative way, such that the deformations of the descending aorta in the FSI simulation corresponded to the deformations measured with MRI (9 %).
Using the extended Treemesh method [2] , an automated high-quality hexahedral mesh was generated in both the fluid and solid domains. Hexahedral meshes are superior to tetrahedral/prismatic meshes as they converge better, and require less computational time for the same accuracy [11] . This method furthermore allowed to create an additional refinement in the flow region distal to the coarctation where vortices develop. A mesh sensitivity study eventually led to a grid with 216 and 51k linear cells in the fluid and solid domains, respectively. A time step size of 2 ms is used to resolve the flow field in time. Details on the mesh and time step sensitivity study are provided in "Appendix". No explicit turbulence model has been used which means that small turbulent structures if present are dissipated by the numerical scheme itself (second-order upwind scheme) or resolved and dissipated by the molecular viscosity if the mesh is fine enough. This way of turbulence modeling is called ILES (implicit Large Eddy Simulation) [1] .
The structural model, the flow model and the interaction between both, allow to predict the central hemodynamics in a healthy aorta. These results will be used as a reference for the other simulations. To model the functional impact of repaired CoA, a segment with varying length (L), stiffness (E CoA ) and diameter (D CoA ) is included (indicated by the colored zone in Fig. 2 ) using the software 3-matic (Materialise). Two types of intervention are considered. (1) Resection by end-to-end anastomosis, resulting in circular scar tissue at the location where both ends of the aorta are sutured together. In [42] , local elasticity properties of the aortic wall (such as the elasticity modulus E and stiffnessindex β) indicate local increase in stiffness in the region of the surgical scar. Based on the stiffness indices and dimensions reported in this article, the elasticity modulus of the coarctation region in our model (E CoA ) is chosen to be equal to 5 or 20 times stiffer than the unaffected aortic tissue (E Ao ). A length (L) of, alternately, 10 and 25 mm is thereby selected (see top left of Fig. 2) . (2) Relief of the obstruction by stent deployment. In [13] , a review on different stent types used in coarctation treatment is given and considerations to achieve successful stent implantation are discussed. The segment lengths applied in our research (20 and 50 mm) are chosen to cover the range of stent lengths currently used in coarctation repair. The presence of the noncompliant stent increases aortic stiffness. We arbitrarily assumed a 100 times stiffer material to mimic the wall behavior in the stented section (see top right of Fig. 2 ).
The severity of the residual stenosis is quantified by the coarctation index (CI), defined as the ratio of the diameter of the coarctation zone to the diameter of the descending aorta (D CoA /D DAo ). The higher the CI, the lower the severity of the recurrent narrowing. Two gradations of severity are considered: an index of 0.5 indicating a severe stenosis which requires treatment and an index of 0.65, mimicking a mild narrowing, which does not necessitate intervention [4] (see Fig. 2 
bottom).

Impact of rigid wall modeling
In a first study, the impact of a rigid wall assumption in the assessment of coarctation severity is considered. For this purpose, both a rigid wall (CFD) and a flexible wall (FSI) simulation are performed for the case of a severe stenosis (L = 25 mm, E CoA = E Ao and CI = 0.5). The aortic geometry used in the CFD study corresponds to the one extracted from MR images. The same boundary conditions were used in both simulations.
Impact of repaired CoA
Next, the effect of repaired aortic coarctation on the central hemodynamics is studied for the parameter models shown in Fig. 2 . In particular, the pressure at the ascending aorta, the pressure drop across the coarctation region and the flow patterns are discussed. Figure 3 compares the pressure drop and the velocity along the centerline of the aorta obtained with a rigid wall and a flexible wall simulation. For the rigid wall simulation, results are shown at peak systole. For the FSI simulation, the red curve is obtained at peak systolic inflow (t = 0.094 s), whereas the black curve is retrieved at the time point where the flow at the constriction site and thus the pressure gradient becomes maximal (t = 0.174 s). The CFD simulation strongly overestimates CoA severity as both the pressure drop across the coarctation (101 vs 57 mmHg) and the pressure difference between the ascending and descending aorta (62 vs 44 mmHg) are amplified. Figure 4 depicts the impact of a local stiffening and/or narrowing on the pressure at the ascending aorta (i.e., the inlet of the model), averaged over the cross section. In the top left panel, the effect of an isolated stiffening is shown for the two worst cases: circular scar tissue with a length of 25 mm (20 times stiffer than the unaffected aortic tissue; black curve) and a 50-mm long stent (red curve). Only a small pressure build-up around peak systole is found, rising up to 8 mmHg with increasing stiffening and length.
Results
Impact of rigid wall modeling
The effect of a residual narrowing is illustrated in the right top panel of Fig. 4 . Here, a more pronounced impact covering the whole systolic phase is observed. A coarctation index of 0.65 increases peak systolic pressure by 10 mmHg (red and green curves), independent of the length of the coarctation zone, whereas an index of 0.5 elevates the load on the heart up to 31 and 41 mmHg for a segment with a length of 10 (black curve) or 25 mm (magenta curve), respectively.
The combined effect of a narrowing (CI = 0.5) and a stiffening is shown in the charts at the bottom of Fig. 4 . For a short segment (L = 10 mm), an additional stiffening will have a significant impact on the pressure evolution (up to 27 mmHg), whereas the impact of stiffening for a longer segment is relatively limited (up to 9 mmHg).
Impact of repaired CoA on pressure drop
The time-averaged pressure along the aorta is depicted in Fig. 5 , in which the location of the coarctation segment is indicated by the colored zone. In a normal aorta, the mean pressure decrease is limited to 0.8 mmHg. The inclusion of a local stiffening hardly affects this pressure reduction. A sharp fall of the mean pressure near the constriction is retrieved if a narrowing is present. For a coarctation index of 0.65, the mean pressure reduces by 3.8 mmHg across the stenosis. This value further increases up to 9.1 and 11.3 mmHg for a more severe stenosis degree with a length of 10 and 25 mm, respectively. This pressure drop is accompanied by pressure recovery, persisting through a larger part of the distal aorta. Severe coarctation (CI = 0.5) is characterized by a smaller pressure recovery of 25 and 21 % for a length of 10 and 25 mm, whereas mild coarctation results in a recovery of 31 %.
The comparison of the pressure distribution along the aorta between the reference case and the most severe case of repaired CoA (L = 10 mm, E CoA = 20 E Ao and CI = 0.5) is made in Fig. 6 at the time of maximal instantaneous pressure drop (Δp max ) between the ascending and descending aorta (indicated in blue and red, respectively). This pressure difference is also indicated in the charts on top of this figure and differs from the peak-to-peak pressure difference (Δp ptp ) often reported in the literature, which is a nonphysiological measurement as the maxima at the ascending and descending aorta occur at different points in time. This last pressure difference is thus never experienced by the patient. For the normal aorta, a gradual decrease in pressure along the aortic length can be observed. For the case with recurrent coarctation, pressures falls sharply as the constriction is approached. At the distal end of the coarctation, flow deceleration is accompanied by pressure recovery which, on the other hand, takes place over the entire descending aorta. Figure 6 shows the velocity contour images of the aortic arch at the time point for which the pressure gradient between the ascending and descending aorta becomes maximal. Comparison is made between the reference case and the worst case (in terms of pressure gradient across and red curves are obtained at peak systole (i.e., maximal inlet flow), and the black curve is generated at a time point for which the pressure drop across the aortic arch reaches its maximum (color figure online) the CoA zone) of repaired CoA (CI = 0.5, L = 10 mm, E CoA = 20 E Ao ). In Fig. 7 , the corresponding velocity vectors at four locations along the descending aorta are shown. As reported in [20, 25] , blood acceleration across the coarctation region generates complex flow distal to the stenosis. The shear layer around the flow jet, leaving the coarctation zone, is marked by a rapid growth of instabilities.
Impact of repaired CoA on the flow patterns
Downstream vortices and swirling are produced especially in the deceleration phase in the expansion zone. The maximal velocity increases from a value of 1.07 m/s in the normal aorta to a value of 4.7 m/s in the repaired CoA, and a shift toward the right outer wall is found. Distally, this magnitude decreases and distribution alteration results in a skewed axial velocity profile, characterized by a loss of symmetry and eventually a flow jet impacting on the posterior right outer wall. Compared with the effect of a narrowing, the impact of a local stiffening is thus fairly limited.
Discussion
Impact of rigid wall modeling
An important feature of the aorta is its capacity to buffer blood during systole and sustain blood flow to the rest of the body during diastole. As approximately 60 % of the buffer capacity of the healthy aorta is located in the proximal aorta [37] , the presence of (repaired) CoA might affect this property. Inclusion of this characteristic hallmark in the numerical model is thus necessary in order to quantify the disease severity correctly. Most CoA studies [20, 22, 28, 31, 40, 45] are, however, performed under a rigid wall assumption. That this oversimplification may corrupt insights and provide an incorrect diagnosis of CoA severity is illustrated by Fig. 3 . This substantial mismatch is related to the lack of compliance in the CFD simulation, which is responsible for the buffering and damping of the pressure pulse in the proximal aorta. Accordingly, velocities in the Increased aortic compliance will enhance this buffering effect as it results in an enlarged dilation of the proximal aorta in systole and a further accumulation of stored upstream energy, which is released downstream in diastole. The diminished losses during pressure recovery downstream of the CoA partially compensate the overestimation of the pressure drop across the CoA in the CFD simulation. This might explain the moderate agreement between measured pressure differences and the ones retrieved with rigid wall models [40] . Overall, the results shown in Fig. 3 call for a fluid-structure interaction approach in the determination of pressure drops across the CoA using computational models.
Impact of repaired CoA on proximal pressure
As reported in [39] , in which a physiological pressure pulse was imposed as a boundary condition to a straight, flexible tube including a local stiffening, no significant alteration of the proximal pressure is retrieved. This limited impact is comprehended by the analysis of the wave reflections induced by the stiffening. The backward compression wave generated at the transition from the flexible artery to the rigid segment is roughly canceled out by the expansion waves created at the distal end of the coarctation zone. As such, only local changes in pressure are found, related to the time delay between the backward waves. This finding is in agreement with the 1D studies performed in [6, 15] and the 3D FSI study published in [9] , reporting negligible clinical consequences of a local stiffening on cardiac workload and aortic pressure. In [34] , an experimental porcine model was developed to investigate the effect of a noncompliant stent. This study supports the conclusions from previous numerical studies.
Regarding the threshold for intervention, a peak-topeak pressure difference of 20 mmHg between the upper and lower limbs is often used as an intervention criteria. This threshold compromises between the risks and benefits associated with treatment. Patients with mild coarctation are subjected to long-term hypertension or may require lifelong antihypertensive treatment. In addition, the blood pressures emerging during exercise will be much more pronounced than the ones appearing at rest. The success of noninvasive stent implantation in patients with more severe CoA, conjoined with the limited impact on the hemodynamic response, may call for a revision of the threshold for intervention [27] .
For the models with recurrent coarctation, the progressive increase in proximal pressure with coarctation length 6 Comparison of (top) the maximal pressure gradient in the reference case and in repaired CoA (L = 10 mm, E CoA = 20 E Ao and CI = 0.5) and (bottom) contour plot of the corresponding velocity magnitude might be explained by (1) the viscous losses which are proportional to stenosis length and inversely related to the coarctation diameter and (2) the pressure losses due to the unsteady acceleration, which become more pronounced in the stenosis due to the increased velocities and the corresponding accelerations. Remark that the pressure losses due to the unsteady acceleration should manifest in the slope of the pressure curves, as they are present during systole but become negligible around peak systole. As the slopes of the pressure curves are more or less equal in all cases, we can conclude that the additional pressure drop due to the unsteady acceleration is very small.
Considering a coexisting stiffening and narrowing, the different response between a short and a long segment might be explained by the difference in wall deformations. In the absence of a local stiffening, the short narrowed segment will experience pronounced deformations up to 29 % as it is pulled apart by the proximal and distal part of the aorta. Conversely, for a long segment, these deformations are restricted to 12 %. The smaller cross section in the latter case will result in a higher blood velocity and, as a result, in an elevated pressure drop across the coarctation. For a local stiffening (E CoA = 20 E Ao ), the distentions of the local narrowing become significantly smaller. A deformation of 3 % is retrieved for the short segment and 2.5 % for the long segment. The difference in pressure evolution in this case can be explained by the difference in shape of the constriction rather than the difference in cross section (which is nearly equal in both cases). The smaller the divergence of the streamlines distal to the stenosis, the better the pressure recovery will be. As such, a smaller pressure difference between the ascending and descending aorta is found in the case of a long stiffening which is characterized by a more gradual change in diameter.
Impact of repaired CoA on pressure drop
For a normal aorta, the dominant factor determining the value of Δp max in the reference case is the inertia of the blood related to the temporal blood acceleration during the systolic phase. In case of recurrent coarctation, the (unsteady) pressure drop adds to a convective acceleration term, caused by an increase in velocity at the transition from the aorta to the stenosis and is proportional to the velocity gradient. This convective acceleration obscures the unsteady acceleration and causes the pressure to fall sharply as the constriction is approached. Distally, the conversion of kinetic energy into pressure is accompanied by energy losses related to turbulence development in the descending aorta. These losses together with the viscous losses explain the enlarged pressure drop (up to 36 mmHg) in case of repaired CoA.
Note that apart from the stenosis severity and geometry, the pressure drop and recovery furthermore depend on flow rate. For exercise conditions, for example, an even more distinctive pressure drop will be found and question remains which pressure difference is most clinically relevant: the one that is present during daily life or the worst case pressure drop, only temporary arising during exercise [7] . This suggests that an assessment of stenosis severity cannot be based on the pressure drop alone, but an additional measurement of blood flow is required. As a second remark, we like to point out that, in this research, a circular symmetrical stiffening and narrowing are applied, mimicking stent implantation or resection by end-to-end anastomosis. Treatment outcomes of other procedures, such as patch aortoplasty or Waldhausen repair will, however, result in an asymmetrical stenosis and stiffening. This feature will manifest in an even larger pressure difference across the stenosis and a worsened pressure recovery in the posterior descending aorta [26] .
Limitations
It is import to keep in mind that this is a parametric study where the structural and functional alterations of the coarctation zone were induced in a model entirely based on data obtained from a healthy volunteer. Patients with (repaired) aortic coarctation might have intrinsic structural defects in extracellular matrix proteins due to genetic defects [43] , and their aorta has been subjected to growth and remodeling [17, 24] with adaptions in shape and material properties. In particular, for the case of aortic coarctation, wall thickening is often observed along with a decrease in compliance of the proximal aorta due to prolonged hypertension [9, 28] . As such, neither the 3D geometry, nor the assumed material constants in this paper can be considered representative for patients with (repaired) aortic coarctation. This also impacts on the demonstrated differences between the CFD and FSI results, which will be less pronounced when accounting for the reduced distensibility of the proximal aorta in the patient case.
Also, the same boundary conditions were imposed in all cases, regardless of coarctation severity. This approach, however, allows to isolate the hemodynamic alterations caused by the presence of repaired CoA and approximates the autoregulatory mechanisms of the cardiovascular system which keeps the downstream boundary conditions relatively constant. The assumption of a constant cardiac output in CoA implies an increased workload on the heart and is justified by the findings reported in [16] , stating that the cardiac output and the heart rate barely change after surgically induced stenosis. We, however, believe that, due to the elevated resistance at the coarctation site, an early redistribution of flow will take place, manifesting as an increased flow through the subclavian and carotid arteries and a reduction in the descending aortic flow [9] . This was not accounted for in this study. Application of reduced order models at the distal boundaries of the fluid domain might resolve this problem [9, 21] . Since the pressure drop across the CoA is proportional to the flow rate through the constriction, the flow distribution adopted in our models represents the worst case distribution, associated with the highest pressure gradients. Similarly, disregarding the collateral network, bypassing part of the flow through the coarctation, will result in an overestimation of the actual pressure drop.
Another limitation of this research involves the lack of (viscoelastic) tissue surrounding the aorta [29] . As such, no physiological mechanism is present to damp the highfrequency oscillations of the vessel wall.
Conclusions
In conclusion, we have used 3D fluid-structure interaction simulations to assess the hemodynamic impact of a narrowing and/or stiffening in an otherwise healthy aorta as a parametric model of (repaired) aortic coarctation. The hemodynamic impact of an isolated stiffening is, albeit, limited. Aortic constriction, on the other hand, induces a pronounced increase in blood pressure in the proximal aorta, with buffering of the stroke volume proximal to the aortic narrowing. For short constrictions, additional stiffening will have a significant impact on the pressure evolution, whereas the impact is relatively limited for longer constricted segments. Comparison with CFD simulations highlighted the importance of accounting for the elasticity of the aorta to correctly capture the buffering of the proximal aorta.
Given the focus of the study on pressure, the criterion for the grid convergence and time step dependency study was the accuracy of the predicted pressures along the aortic arch. The case used for the analysis was the case with the shortest stenosis length (1 cm) and highest degree of stenosis (coarctation index 0.5).
Mesh sensitivity analysis
Four different, full hexahedral uniform meshes (R1, R2, R3 and R4) with an increasing number of elements in the boundary layer (ranging from 4 to 8 layers), the transversal and axial direction were constructed, with R4 considered as reference. A conforming mesh was applied in the fluid and solid domain. The number of cells is depicted in Table 1 , together with the calculation time required to compute one cardiac cycle (on two 10-core Intel Xeon E5-2680v2 processors).
As the flow distal to the stenosis is complex and highly disturbed (Reynolds numbers up to 11,139), a high mesh density is required in this region to resolve the flow field in space. This is realized by locally adapting the fluid mesh. The resulting fluid mesh (R5) has, compared to the finest mesh (R4), a higher mesh density in the coarctation zone, but a coarser grid proximal to the stenosis and in the lower part of the descending aorta (see Fig. 8 ). Figure 9 depicts the pressure along the centerline of the aorta at peak systole, with Table 1 tabulating the mean error of the pressure in different cross sections (indicated by the dashed lines in Fig. 9 ). These errors are defined with respect to the reference grid R4 and relative to the pressure amplitude in the corresponding cross section. The mean error thereby denotes the error averaged over one cardiac cycle and over the respective cross section. From the results in Table 1 , it can be seen that even for meshes with a low Time step sensitivity analysis Figure 10 illustrates the impact of the time step size on the pressure evolution at different cross sections along the aorta. It can be observed that the results in the proximal part and at the coarctation zone are more or less time step independent, whereas the small pressure oscillations in the distal part are not captured with a large time step size (of 4 or 5 ms). Moreover, the oscillations developing in d3 are not even resolved properly with a time step size of 1 ms. As such, the time step size was further decreased to 0.5 and 0.25 ms and the results are shown in Fig. 11 . An unstable behavior was found if a small time step size was applied. The observed oscillations responsible for this behavior were indeed not resolved for the simulations using larger time step sizes. Because the oscillations itself are resolved by multiple time steps and the frequency of the oscillations is more or less time step independent, it is presumed that these oscillations do not arise from a numerical instability but have a physical origin, triggered by the disturbed blood flow. In a physiological setting, this oscillation would, however, be cushioned by the damping nature of the surrounding tissue. We believe that the lack of physical damping in our model resulted in the observed oscillations that eventually got unstable when using a time step size smaller than 1 ms. Fig. 9 Pressure along the centerline at peak systole for increasing mesh densities (R1-R4) and a grid with a local refinement at the coarctation region and a gradual coarsening toward the descending aorta (R5) Fig. 10 Influence of the time step size on the pressure evolution at proximal cross section p1, halfway the coarctation zone (coa) and at two distal cross sections (d1 and d3). See Fig. 8 for an indication of these plane locations
To test this hypothesis, Rayleigh damping was added to the structural model and the simulation using a time step size of 0.5 ms was repeated. The Rayleigh damping coefficients α and β were selected such that 1 % damping of the waves with a 1-Hz frequency (close to the frequency of the cardiac cycle) was obtained and 20 % damping for the 250-Hz waves (i.e., the frequency of the observed oscillations). These constrictions resulted in a value of 0.116 for the mass proportional damping parameter α and 0.000255 for the stiffness proportional damping β. It is demonstrated in Fig. 11 that the unstable behavior indeed disappears with the use of Rayleigh damping.
The larger pressure oscillations at the start of the simulation (t < 0.2 s) for the case with Rayleigh damping is explained by the temporal discretization schemes used at the start. The simulation without damping is started with a firstorder scheme, to facilitate the startup. After 0.2 s, the accuracy is improved by switching to a second-order scheme. For the case with damping, a second-order scheme can be used from the start on. In this study, a time step size of 2 ms has been used as a compromise between accuracy and computation time. The error obtained with this time step size is sufficiently smaller than the mutual differences in results.
